Introduction
Since the first clinical implantation of an artificial aortic valve by Dr. Charles A. Hufnagel in 1952 (Hufnagel et al., 1954 , the use of such prostheses has gained strong interest and has become a routine treatment for severe heart valve failure. During the past 60 years, various mechanical heart valve designs have been developed for use in both aortic and mitral positions (Butany et al., 2003; Aslam et al., 2007) . Nowadays, bileaflet mechanical heart valves (BMHVs) are widely preferred for aortic valve replacement because of their long lifespan. However, current BMHVs still induce pannus and thromboembolism, among other undesired side effects, which are believed to be due to non-physiological flow and turbulence generated by the valve leaflets (Sotiropoulous & Borazjani, 2009) . One way to gain insight into the dynamics of a BMHV in order to improve its design is by experimental testing (Grigioni et al., 2004) . Usually, in vitro testing is used, in which the functioning of the valve is assessed, for example, by using Doppler echocardiography Verdonck et al., 2002) or by visualizing the temporal and spatial flow field through velocimetry, like the laser Doppler anemometry (LDA) technique (Browne et al., 2000; Akutsu et al., 2001) or the particle image velocimetry (PIV) technique (Browne et al., 2000; Kaminsky et al., 2007) . Also, the spectrum of the valve noise can be analyzed, as is done, for example, in Masson & Rieu (1998) . Experimental in vivo testing is another option, using echocardiography and Doppler ultrasound to investigate the behavior of the valve after implantation in human patients (Bech-Hanssen, 2001; Aslam et al., 2007; Aljassim et al., 2008; Zogbi et al., 2009) or in animals (Yin et al., 2006) . Numerical ("in silico") methods can provide an alternative way to obtain relevant and detailed information for valve design optimization, since they are capable of solving the valve dynamics with a high degree of resolution in time and space (Kelly et al., 1999; Grigioni et al., 2004; Yoganathan et al., 2005; Dasi et al., 2009; Sotiropoulous & Borazjani, 2009 ). Moreover, they are considerably less time-consuming and less expensive during the research and development phase compared with experimental testing (Dasi et al., 2009) and are, therefore, particularly efficient for sensitivity studies (Verdonck, 2002) . Unfortunately, the numerical simulation of a BMHV is a complex fluid-structure interaction (FSI) problem because the movement of the leaflets strongly interacts with the surrounding fluid motion; therefore, the equilibrium at the fluid-structure interface needs to be taken into account. In this chapter, a review of numerical FSI methods for BMHVs is given. Subsequently, the general dynamics and flow fields of BMHVs are discussed and illustrated by numerical simulations. This flow field typically consists of three jets. Furthermore, the design optimization challenges are described. High-flow-velocity gradients give rise to high shear stresses that can induce blood damage (Yoganathan et al., 2004) . Therefore, the blood damage is discussed. The flow through the hinge region is of special interest. Finally, the cavitation phenomenon in BMHVs is discussed, because it can induce blood damage as well as structural failure (due to pitting and erosion).
A review of FSI methods to simulate the dynamics of a BMHV
When numerically simulating a BMHV, three problems need to be solved, namely the structural problem, the flow problem, and the interaction of the fluid and the structure at the fluid-structure interface. In the following, each of these three problems is discussed in detail.
Since the leaflets of a BMHV have a small moment of inertia and are very stiff, they are usually assumed to be rigid. A BMHV can thus be modeled as a rigid casing in which two separate rigid leaflets rotate around their hinge axes (see Fig. 1 ). Because the position of each rigid leaflet is solely determined by its opening angle, the bileaflet valve has two degrees of freedom. The movement of a rigid leaflet i is governed by Newton's Second Law, which states that the (structural) moment M s,i about its rotation axis must be in equilibrium with the product of its moment of inertia I i and its angular acceleration , s i θ . For two leaflets, this results in the following two equations:
Secondly, the blood flow through the valve is calculated, which is governed by the conservation of mass and the Navier-Stokes equations. For the unsteady flow of an incompressible fluid, the differential equations to be solved are given by: (Hirt et al., 1997; Donea et al., 2004) , in which v = flow velocity vector, ρ = fluid density, t = time, μ = dynamic viscosity and p = pressure. In the case of blood flow through a BMHV, it is usually assumed that the hinge axis is in the direction of gravity. Thus, the gravity has no effect on the moment about the hinge axis (Sotiropoulos et al., 2009 ) and, therefore, its influence (last term in Equation (2b)) is neglected.
Computational fluid dynamics (CFD) are used to solve Equation (2) for the entire fluid domain. From the resulting flow field, the pressure and viscous forces at the fluid-structure interface are derived. These forces are integrated at the fluid-structure interface giving the pressure and viscous moment M f,i about the hinge axis acting on the interface. Finally, the (kinematic and dynamic) equilibrium equations at the fluid-structure interface need to be solved. The kinematic equilibrium states that the angular position of the fluid at the fluid-structure interface (i.e. θ f,i ) should be equal to the angular position of the structural leaflet at the interface (i.e. θ s,i ):
In the remainder of this section, classifications of FSI methods used in literature to simulate a BMHV will be made, and the characteristics of each of the mentioned methods will be explained.
Fixed grid techniques versus moving grid techniques
A first classification concerns the kinematical description of the domain. For the structural problem, the motion is usually described by the Lagrangian method, where the computational grid moves with the material velocity. This is in contrast to a fluid domain, in which the motion is generally described by the Eulerian method and, therefore, the computational grid does not deform. In case of FSI, both methods can be combined in several approaches in order to describe the motion of the domain. One approach is the "fixed grid" method, in which an immersed structure is allowed to "fictitiously" move through the Eulerian fluid grid in a Lagrangian way. The influence of the structure boundary on the fluid outside the structure is calculated by introducting body force sources into the Navier-Stokes equations, while keeping the velocity of the fictitiously overlapped fluid coupled to the structural velocity. Since the fluid grid is fixed, there is no need for remeshing and grid adaption. However, because the fluid-structure interface is not necessarily aligned with the spatial discretization and the data are, as such, interpolated, the flow field (and thus shear stresses) at this interface is not accurately calculated. Several fixed grid methods have been developed, such as the immersed boundary (IB) method, first proposed by Peskin (1972) for the simulation of heart valves. Borazjani et al. (2008) used the sharp interface CURVIB-method for simulating a BMHV. Other IB techniques were developed and used by Tai et al. (2007 ), De Tullio et al. (2009 and Xia et al. (2009) . Also, the fictitious domain (FD) method can be used to simulate flexible heart valves (De Hart et al., 2000 Diniz dos Santos et al., 2008; Astorino et al., 2009 ). This fixed grid method uses Lagrange multipliers to impose the kinematic constraints. Van Loon et al. (2004) improved the accuracy of the FD method at the fluid-structure interface by proposing a local fluid grid adaption at the structure boundary. Another approach is to use the arbitrary Lagrangian-Eulerian (ALE) method for the fluid domain. In this "moving grid" method, the fluid grid motion is driven by the motion of its boundaries, which are typically common boundaries of the moving fluid domain and the moving structure. This method introduces a fluid grid velocity g v into the flow equations. When integrating Equation (2) over a fluid volume V, of which the surface S is moving with grid velocity g v and has outward normal n , Equation (2) becomes:
When g v v = , this results in a purely Lagrangian description. When 0 g v = , a purely Eulerian description is recovered. Moreover, the fluid grid velocity is called "arbitrary" because it does not have to correspond to the fluid velocity. However, when the grid deformation becomes too large, as is the case with BMHVs, this could deteriorate the grid quality. Therefore, local remeshing is needed between time-steps. The main advantage of the ALE approach is its accuracy, because the grid is aligned with the fluid-structure interface. However, the use of remeshing (and thus interpolation) introduces artificial diffusivity and can become expensive for complex three-dimensional geometries. Several studies have used the ALE approach to simulate the dynamics of the ATS Open Pivot TM Standard Heart Valve (Dumont et al., , 2007 , the St. Jude Medical TM BMHV (Penrose et al., 2002; Redaelli et al., 2004; Dumont et al., 2007; Guivier et al., 2007 Guivier et al., , 2009 Nobili et al., 2007 Nobili et al., , 2008 Choi et al., 2009; Hong et al., 2009) , and other valve types (Makhijani et al., 1997; Vierendeels et al., 2005 Vierendeels et al., , 2007 Bang et al., 2006; Morsi et al., 2007) .
Monolithic solver versus partitioned solver
Secondly, one can classify each FSI simulation by using a partitioned solver or a monolithic solver. In the monolithic approach, the entire FSI problem is simultaneously simulated by one solver. This is in contrast to the partitioned approach, which solves the flow and the structural problem separately and, therefore, mostly uses different specialized solvers. The partitioned approach is used to simulate heart valves in Makhijani et al. (1997) , Penrose et al. (2002) , Redaelli et al. (2004) , Dumont et al. (2005 Dumont et al. ( , 2007 , Vierendeels et al. (2005 Vierendeels et al. ( , 2007 , Bang et al. (2006) , Guivier et al. (2007 Guivier et al. ( , 2009 , Nobili et al. (2007 Nobili et al. ( , 2008 , Morsi et al. (2007) , Tai et al. (2007) , Borazjani et al. (2008) In order to obtain the interaction between the fluid and the structure, data exchange at the fluid-structure interface and a coupling scheme between the separated solvers are needed. Unfortunately, not every coupling scheme converges quickly. The instability of coupling schemes without relaxation is analytically explained in Vierendeels et al. (2005) and Borazjani et al. (2008) for the case of BMHVs, and it is also demonstrated by the flow through arteries (Causin et al., 2005; Degroote et al., 2008 Degroote et al., , 2010 . It is concluded that relaxation can be used to obtain stable and efficient approximations for the subsequent angular accelerations of the valve leaflets. Several coupling schemes with relaxation have thus been developed, and they can be divided into loose and strong coupling schemes. In the loose coupling methods, only one coupling iteration is needed in each time-step, since the solution of the flow field at time-step n is used to calculate the angular accelerations of the leaflets for the next time-step n+1:
A relaxation factor ( 1 n i ω + < 1) is necessary, since the scheme without relaxation (
is unstable (Causin et al., 2005; Vierendeels et al., 2005; Borazjani et al., 2008) , as mentioned above. The loose coupling formulation is often used to simulate heart valves (Redaelli et al., 2004; Morsi et al., 2007; Nobili et al., 2007; Tai et al., 2007; Borazjani et al., 2008; Xia et al., 2009) . It has the main benefit of a low computational cost because of the lack of a coupling iteration loop within each time-step. However, this lack implies that dynamic equilibrium at the fluid-structure interface (Equation (6)) is not necessarily achieved, which leads to unphysical oscillations in the leaflet movement and the flow and pressure field, as described in Annerel et al. (2011) .
Dynamic equilibrium at the fluid-structure interface can be obtained by introducing a coupling iteration loop within each time-step, as is the case in the strong coupling methods. Generally, each of the strong coupling iterations follows the same pattern, as visualized in Fig. 2 . At the beginning of each coupling iteration k of time-step n+1, the motion of the leaflets is computed from the angular accelerations 1,
The mesh is moved and the flow equations are solved. From the flow field, the moments M i n+1,k are calculated. Finally, the convergence of the dynamic equilibrium at the fluid-structure interface, expressed by Equation (6), is checked. When this dynamic equilibrium is obtained, a new time-step is initiated. However, when dynamic equilibrium is not achieved, a new coupling iteration k+1 is initiated, and thus new angular accelerations 1, 1 n k i θ + + need to be calculated. Therefore, introducing a coupling iteration loop requires, in each coupling iteration k of time-step n+1, a stable and efficient approximation of the angular accelerations for the next coupling iteration k+1.
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Simplified flow chart of a strong FSI coupling algorithm with two degrees of freedom. n = time-step, k = coupling iteration step, i = leaflet number A strong coupling scheme without relaxation can easily be proposed. From the moments of coupling iteration k in time-step n+1, the angular accelerations of the next coupling iteration k+1, i.e. 1, 1 n k i θ + + , can be calculated:
Unfortunately, such fixed-point iterations, also called Gauss-Seidel iterations without relaxation, are unstable for BMHVs . Therefore, the scheme needs to be stabilized by using an appropriate prediction of the moments of the next coupling iteration k+1: 
Inserted in Equation (10):
To simulate a BMHV in a partitioned way, several methods can be used to calculate an appropriate relaxation factor 1, n k i ω + that stabilizes the solution process. In the following, using a fixed relaxation factor and a dynamic relaxation factor is discussed. For the fixed relaxation factor, the factor value is kept constant during the entire simulation, as described in Le Tallec & Mouro (2001) for an industrial shock absorber valve:
Fixed relaxation was used to simulate the dynamics of a BMHV with a partitioned solver by Penrose et al. (2002) , Nobili et al. (2007 Nobili et al. ( , 2008 , Borazjani et al. (2008 ), De Tullio et al. (2009 ), and Hong et al. (2009 . The main disadvantage of such a fixed relaxation is the lack of a physical meaning of the relaxation factor (Annerel et al., 2011) . Therefore, the selection of an appropriate factor value is ad hoc and will be done primarily through trial-and-error, as noted by De Tullio et al. (2009) . For the dynamic relaxation factor, the factor value is updated in each coupling iteration of each time-step. Typically, the Aitken Δ 2 relaxation is used, as described in Irons et al. (1969) , Mok et al. (2001) , and Küttler et al. (2008) . The Aitken ∆ 2 relaxation updates the value of the factor in each coupling iteration of each time-step n+1:
with
Partitioned simulations of heart valves using the Aitken Δ 2 relaxation method are reported in Borazjani et al. (2008) , Diniz dos Santos et al. (2008), and Astorino et al. (2009) . More recently, however, a (quasi-Newton) method with a dynamically changing relaxation matrix has been developed Dahl et al., 2010) and subsequently optimized in Annerel et al. (2011) . The method is an extension of Vierendeels et al. (2005) and predicts the moments of the next coupling iteration (i.e.
in Equation (10)) through a linearization of the dynamic equilibrium. Thus, while taking into account the mutual interaction between the leaflets, Equation (6) is linearized for each coupling iteration k+1 of time-step n+1:
The components of the Jacobian are the derivatives of the moments (exerted by the flow on the leaflets) with respect to changes in leaflet angular accelerations. This Jacobian is approximated with finite differences and is numerically calculated from the flow solver by variations of the leaflet angular accelerations. This method outperforms the fixed relaxation and Aitken Δ 2 relaxation in needed coupling iterations per time-step and CPU time (Annerel et al., , 2011 .
Insights into the general dynamics and flow fields of an aortic BMHV
The dynamics of a BMHV depend on passive movement. Therefore, the opening and closure of the leaflets are governed by the pressure gradients and flow fields in the heart and arteries (in case of atrioventricular valves) (Butany et al., 2003) . In the following, the kinematics and dynamics of a BMHV are discussed and obtained by numerical simulations in an axisymmetric geometry (Yoganathan et al., 2004; Borazjani et al., 2008; De Tullio et al., 2009; Sotiropoulos et al., 2009 ) and verified by experiments (Dasi et al., 2007) . These discussed dynamics are also illustrated in the numerical simulations done in Section 4.
Opening phase
The contraction of the left ventricle at the beginning of systole induces an increase of the left ventricular pressure. Because of the resulting positive transvalvular pressure gradient, the flow starts to accelerate and induces the opening of the valve. In a BMHV, the valve leaflets initially open with a large increase in angular acceleration (and related angular velocity). However, as the valve opens, the leaflets tend to align with the axial flow, and their local linear velocity tends to become orthogonal to the main flow stream lines, which produces a pressure moment that decreases the angular acceleration and lowers the angular velocity (De Tullio et al., 2009 ). This deceleration is beneficial because it results in a very small angular velocity of the leaflets when the leaflets reach the fully open position; therefore, it significantly lowers the impact forces at the blocking mechanism. During the early leaflet opening phase, three jet flows are formed, with the roll-up of the valve housing shear layer into the aortic sinuses of Valsalva and the formation of two shear layers shed from the tips of the valve leaflets (Borazjani et al., 2008; De Tullio et al., 2009; Sotiropoulos et al., 2009 ). Subsequently, these leaflet shear layers break down and largescale von Karman-like vortex shedding emerges (Sotiropoulos et al., 2009 ).
Fully open position
When the leaflets have reached the fully open position, the flow rate continues increasing until its maximum value at peak systole. Due to the acceleration of the flow, the formation of small-scale turbulence is prevented, and the bulk of the flow remains laminar (De Tullio et al., 2009) . However, at peak systole, the flow starts to decelerate. Subsequently, the largescale vortices in the sinuses of Valsalva and the leaflet shear layers rapidly undergo the transition to a small-scale turbulent state downstream of the valve (Borazjani et al., 2008; Sotiropoulos et al., 2009 ).
Closing phase
The valve leaflets start to close at the beginning of the steepest flow deceleration (De Tullio et al., 2009) . Since the leaflets need to rotate over a large angle, some regurgitation occurs. The total volume of this reverse flow is denoted as the "closing volume" (as also described in Section 5). During leaflet closure, the angular velocity of the leaflets keeps increasing until the closed position is reached. This gives rise to very large angular velocities (and thus stresses) when the leaflets impact the blocking mechanism at the fully closed position. Therefore, the closing kinematics are very different from those at the leaflet opening phase because the end of the opening occurs with small angular velocities, while at the end of the closing, the angular velocity attains peak value (De Tullio et al., 2009) . During the closing phase, the decelerating flow field is governed by small-scale eddies and turbulent vortices (Borazjani et al., 2008; Sotiropoulos et al., 2009 ).
Fully closed position
The leaflets reach the fully closed position at the negative peak of the flow rate (De Tullio et al., 2009 ). Due to the negative transvalvular pressure gradient when the leaflets are closed, flow leaks through the small gaps between the leaflets and through the gaps between the leaflets and valve casing (in particular, near the hinges), giving rise to squeezed jet flow. The total amount of this regurgitant flow is denoted as the "leakage volume" (see Section 5). After valve closure, the turbulent structures in the flow slowly decay. Subsequently, the residual vortical structures are rapidly washed out at the beginning of a new cycle by the incoming accelerated flow when the valve reopens. (Borazjani et al., 2008; De Tullio et al., 2009; Sotiropoulos et al., 2009 ).
Three-dimensional strongly coupled partitioned FSI simulations of a BMHV
To illustrate the previous section, a BMHV is simulated in three different geometries. The used BMHV is a simplified model of the 25-mm ATS Open Pivot TM Standard Heart Valve in aortic position, with the orifice inner diameter measuring 20.8mm. The valve is simplified at the hinge regions by cutting away the blocking mechanism and hinges at the casing. Because of this simplification, the resulting opening velocity of the valve leaflets could become slightly overestimated since the additional counteracting moment created by the decelerated squeeze flows near the pivot hinge regions (i.e. the so-called pivot effect, as observed in the experiments in Feng et al. (1999) ) is absent. The valve is subsequently placed in three geometries. The first geometry consists of a rigid straight tube, as visualized in Fig. 3(left) . The second geometry also consists of a rigid straight tube upstream of the valve, but rigid sinuses of Valsalva are added downstream of the valve. Such sinuses of Valsalva are anatomically present in the ascending aortic root and influence the valve closing (Grigioni et al., 2004) . The sinuses of Valsalva are based on the geometry described in Reul et al. (1990) and are positioned symmetrically with respect to the leaflet rotation axes (Fig. 3(middle) ). In the third geometry, the same sinuses of Valsalva are used, but they are placed asymmetrically (angle: 30°) with respect to the leaflet rotation axes in such a way that one of the leaflets directly faces one sinus (Fig. 3(right) ).
For the geometries, the upstream tube has a diameter of 22mm and is 75mm long. The downstream geometry is 95mm long. The diameter of the downstream tube is 27.36 mm for the sinuses of Valsalva and 22mm for the straight tube. These geometries are based on clinical practice, because when implanting the BMHV, the surgeon can choose to preserve the sinuses of Valsalva or to cut them away and replace the entire ascending aortic root (in the so-called Bentall procedure (Bentall et al., 1968) ). Moreover, the surgeon can choose to position the valve symmetrically to the physiological sinuses of Valsalva, or to position it asymmetrically. An unstructured fluid grid, consisting of approximately 800 000 tetrahedral cells, is generated in the geometries. Two cell layers are generated in the gap (which measures 0.1mm) between the leaflets and the casing near the hinge region. The ALE approach is followed, which means that the fluid grid follows the motion of the structure and subsequently needs an update to maintain good mesh quality. This update is done using a remeshing method and spring-based smoothing. The dynamics of the BMHV are modeled by the strongly coupled partitioned quasi-Newton algorithm that was recently developed (Annerel et al., 2011 ). An inlet aortic flow pulse with a period of 1s (displayed in Fig. 4(a) ) is imposed upstream and was previously used in Dumont et al. (2005 Dumont et al. ( , 2007 and Annerel et al. (2010 Annerel et al. ( , 2011 . The flow pulse profile is uniform. A physiological pressure profile is imposed at the downstream outlet boundary. Note, however, that in a rigid geometry the pressure level does not affect the flow field since only the pressure gradient appears in the equations. Blood is modeled as an incompressible Newtonian fluid with density and viscosity respectively equal to 1050kg/m 3 and 4E-3Pa·s (i.e. the high shear rate limit viscosity of blood). Although real blood is a heterogeneous non-Newtonian fluid, the modeling of blood as a homogeneous Newtonian fluid for high shear rates is widely agreed upon for flow in large arteries and valves (Paul et al., 2003; Sotiropoulos et al., 2009) . Nevertheless, it is important to keep in mind that when studying low levels of shear stresses, for example in the recirculation regions and vortices in the wake, the non-Newtonian effects could become important and should be taken into account when assessing the hemodynamics of the valve (Sotiropoulos et al., 2009 ). In such cases it is valuable to model the blood as a nonNewtonian fluid as in the Cross and Carreau model (Cross, 1965; Carreau, 1972) . However, modeling of the fine-flow features and the hemodynamics is beyond the scope of the described simulations and, therefore, a Newtonian blood model is used. No turbulence model is used, thus implying laminar flow. A no-slip boundary condition is applied at the walls. The valve is initially set in the closed position. The moment of inertia of one rigid valve leaflet about its rotation axis is equal to 9.94E-9kg·m 2 . The results of the simulations are depicted in Fig. 4 and Fig. 5 . The angular positions of the leaflets are presented in Fig. 4(a) , relative to the fully opened position. Therefore, 0 and 1 refer, respectively, to the fully closed and fully open position. Although the valve leaflets open completely in the first geometry with the straight tube, the results show that this maximum opening position is not reached in both geometries with the sinuses of Valsalva. Such incomplete opening of the ATS Open Pivot TM Standard Heart Valve in a divergent geometry is explained by the greater sensitivity of the leaflet movement to the flow field compared with other BMHV designs, since the leaflets extend farther in the flow downstream of the orifice than is the case in other valve designs (Feng et al., 1999) . Therefore, the valve does not open completely in the divergent transvalvular flow caused by the enlargement of the sinuses of Valsalva because the leaflets tend to align with the streamlines. In the straight tube, however, the valve leaflets open completely. This incomplete opening also explains the difference in the closing phase between the geometries, since the valve in the sinuses of Valsalva geometries is closed sooner. This is because the leaflets in the straight tube reach the completely open position and therefore need to rotate over a greater angle in order to close. Hence, they have a greater closing volume (Feng et al., 2000) . Nevertheless, the instant at which the leaflets start to close is approximately the same for both geometries. Furthermore, for the asymmetrical geometry, the two leaflets show differences in movement. It can be understood that this asynchrony is triggered by the presence of the asymmetric geometry downstream of the valve (De Tullio et al., 2009; Hong et al., 2009 ). In the symmetrical geometries, there are no differences in movement between the two leaflets. The velocity magnitudes at different time levels for the three geometries are shown in Fig. 5 . Downstream of the valve, the three jet flows are clearly visible.
Design challenges
The ideal heart valve should have, among other things, a small drop in flow potential energy (i.e. small pressure drop over the valve and a high effective orifice area), a small retrograde flow, good hemodynamic properties, and high durability and safety in use. In the remainder of this section, each of these design challenges will be discussed in detail.
Small regurgitation volume
Mechanical valves are characterized by a significant amount of regurgitant flow. This retrograde flow is the sum of the closing volume and the leakage flow (Yoganathan et al., 2004) . The closing volume is the amount of reverse flow needed to let the leaflets rotate to the closed position. The leakage flow occurs during diastole, when the leaflets are in the closed position and blood flows back through the gaps of the valve due to the large negative pressure gradient over the valve. The regurgitation volume V reg (in ml) is typically measured by percentage (%reg) of forward stroke volume SV fwd (in ml), as described in Verdonck et al. (2002) :
Since the regurgitation lowers the net cardiac output and therefore enlarges the workload of the heart, its percentage should be minimized when designing heart valves. 
Low transvalvular pressure gradient (TPG)
The transvalvular pressure gradient (TPG) is related to the drop in pressure that is needed for viscous blood to flow through the valve (Yoganathan et al., 2004) . This forward pressure difference Δp Doppler (in mmHg) can be derived from a simplified form of the Bernoulli equation and the mean (Doppler) velocity V mean (in m/s) during forward flow (Verdonck et al., 2002) :
The TPG is a measure of valve efficiency (Yoganathan et al., 2004) . The workload on the left ventricle is directly related to the magnitude of this pressure difference, because when the magnitude of the TPG increases, an increasing systolic pressure in the left ventricle is needed to drive flow forward into the aorta. Therefore, the TPG should be minimized when designing valve prostheses (Yoganathan et al., 2004) .
High effective orifice area (EOA)
Because the TPG is heavily dependent on the flow rate, another less flow-rate-dependent parameter is more commonly used as a measure for the quality of the valve, namely the effective orifice area (EOA). Several formulations of the EOA (in cm 2 ) can be defined, of which the Gorlin equation is mostly used (Baumgartner et al., 1992; Yoganathan et al., 1984) . It is based on the fundamental hydraulic law of flow through an orifice and couples the flow through the valve orifice to the Doppler pressure gradient over the valve :
where Q fwd,mean is the mean forward flow rate (in cm 3 /s). The constant 51.6 accounts for gravity and unit conversions (Baumgartner et al., 1992; Verdonck et al., 2002; . The EOA is a measure for valve quality because it assesses the severity of the stenosis formed by the presence of the valve and thus the degree to which the prosthesis obstructs the blood flow (Yoganathan et al., 2004) . A large EOA corresponds to a smaller pressure drop and thus to a smaller energy loss (Yoganathan et al., 2004) . Therefore, when designing a valve prosthesis, the resulting EOA should be maximized. Moreover, the EOA can be used to compare the efficiency of various valve designs, because it is a better index of valve function than is TPG alone (Zoghbi et al., 2009) . However, to get a normalized value, the EOA should be made independent of the valve size by dividing it by the valve sewing ring area A sew . This results in the performance index (PI), which provides a measure of the valve's resistance characteristics normalized to valve size (Yoganathan et al., 2004 :
Therefore, the parameter PI can be used to fairly compare the efficiency of various artificial valves.
Good hemodynamic properties
One of the most challenging aspects in valve design is the improvement of hemocompatibility. Because the cardiovascular system is a closed circulatory system, damage to the blood cells can accumulate each time blood passes through the valve, which leads to an increased risk for platelet activation and hemolysis of the red blood cells (erythrocytes). This could result in clinical complications such as thromboembolisms and valve stenosis. Blood cells can become damaged by non-physiological flow patterns or by contact with artificial materials (Paul et al., 2003) . Therefore, to optimize blood flow through the valve, one should minimize the production of shear stresses and turbulence in the flow and avoid any flow stagnation and separation in the vicinity of the valve (Yoganathan et al., 2004) . Moreover, the valve should be composed of (or coated with) biocompatible materials. Therefore, mostly pyrolytic carbon is used.
Durability and failure-safe design
Structural wear and fatigue of the valve can deteriorate the valve material and can cause severe valve failure. Moreover, cavitation, which leads to erosion and pitting, can occur in BMHVs. Such cavitation-induced erosion and pitting were first related to BMHVs in the 1980s after observation of a series of severe leaflet escapes of the Edwards-Duromedics bileaflet valve (Mastroroberto et al., 2000; Johansen, 2004) . It was seen that the hard, but brittle, pyrolytic carbon can become subject to cavitation-induced fatigue leading to a transverse fracture of the leaflet or a leaflet fracture near the pivot mechanism (Klepetko et al., 1989) . Later, leaflet escape in the same (but revised) bileaflet valve type was observed in mitral (Hemmer et al., 2000; Mert et al., 2003) and aortic position (Christiansen, 2001) . Therefore, for a durable and failure-safe design, the structural wear and fatigue potential should be minimized along with a minimization of the formation of cavitation bubbles.
Design challenges and BMHVs
Although current aortic BMHVs show a higher EOA and a higher PI compared with other artificial heart valve designs, such as the caged ball valve, the tilting disc valve, and the (non)stented bioprostheses (Yoganathan et al., 2004) , some major design challenges concerning the hemodynamics and the durability need to be resolved. Moreover, BMHVs have a larger regurgitant volume than other artificial valves (Yoganathan et al., 2004) . In the remainder of this section, the hemodynamics and the cavitation of the BMHV are discussed in detail, with special interest to the flow near the hinges.
Blood damage and BMHVs
When blood flows through artificial devices, blood particulates can become damaged and initiate a cascade of events leading to coagulation and the formation of thrombi. Therefore, when a BMHV is implanted, the patient is required to take lifelong anticoagulation therapies (Paul et al., 2003; Bluestein et al., 2004; Dasi et al., 2009; Morbiducci et al., 2009 ). Blood trauma can occur via several mechanisms, depending on the type of damaged blood cell. In the past, the fragmentation and damaging of erythrocytes was experimentally quantified, since this leads to hemolysis (Sutera et al., 1975; Paul et al., 2003) . In recent years, however, platelet activation is believed to be the major underlying formation mechanism for thromboembolic complications in the flow past mechanical heart valves (Bluestein, 2004; Morbiducci et al., 2009 ).
The amount of blood damage depends primarily on the cumulative effect of the magnitude and the duration (the exposure time) of the applied force. Critical values of both factors can be exceeded by flow-dependent and non-flow-dependent causes (Paul et al., 2003) . The non-flow-dependent causes are the contact with artificial surfaces, which can be eliminated by using biocompatible materials. Therefore, pyrolytic carbon is commonly used for BMHVs because of its strength and high durability (Chandran et al., 2010) and good biocompatible properties (Johansen, 2004) . The flow-dependent causes are believed to originate from non-physiological flow patterns. However, despite many research efforts, the exact mechanisms underlying these flowinduced thromboembolic complications are still poorly understood (Bluestein, 2004) . It is believed that the presence of elevated shear stresses in the flow is the most important platelet-damaging effect. Three non-physiological flow patterns can be distinguished. Firstly, the squeeze flows observed as leakage flow when the leaflets are completely closed during diastole are of specific interest. Some leakage flow near the hinges is beneficial because it washes out the hinge regions and prevents flow stagnation and the development of thrombosis. However, the high-flow-velocity gradients can become too large, which causes elevated shear stresses and related platelet activation (Yoganathan et al., 2004) . Secondly, regions of flow separation, recirculation, and stagnation promote the deposition of damaged blood cells and increase the formation of thrombi (Yoganathan et al., 2004) . Finally, the shear layers surrounding the leaflets and the wake also expose the platelets to elevated shear stresses and lead them towards entrapment in the shed vortices of the wake (Bluestein et al., 2002) . Several studies used numerical methods to calculate the accumulated platelet activation when the blood flows through a BMHV. In the past, the valve leaflets were kept in a fixed position throughout the cardiac cycle due to the computational cost (Bluestein et al., 2002; Alemu et al., 2007; Dumont et al., 2005 Dumont et al., , 2007 . More recently, however, Morbiducci et al. (2009) combined numerical FSI simulations with a numerical blood damage model. They reported that platelet activation is lower at early systole than at late systole and that the spanwise vorticity has a greater influence on the activation of platelets than does the streamwise vorticity. A critical value for accumulated shear stress above which platelets are considered activated is, for example, given by the Hellums activation threshold criterion, i.e. 3.5Ns/m 2 (Hellums et al., 1987; Dumont et al., 2007) .
Cavitation and BMHVs
Cavitation is the formation of voids or gas bubbles in liquids caused by a local reduction of the pressure to below that of vapor pressure. However, as soon as the surrounding pressure increases above vapor pressure, the formed bubbles will rapidly implode, which produces devastating shockwaves in the surrounding fluid (Johansen, 2004) . Several fluid mechanisms can lead to a pressure drop below vapor pressure in the blood flow during the closing phase of a BMHV. Firstly, squeeze flows are considered a contributing factor to the initation of cavitation. Such squeeze jets are formed at the very instant before leaflet closing, when the blood between the leaflets and valve casing is accelerated through the narrowing gap. This creates a high velocity jet flow with a large pressure gradient. The pressure can locally fall below vapor pressure, thus leading to cavitation (Bluestein et al., 1994; Johansen, 2004) . Secondly, large vortices can be shed from the leaflet tips during the closing of the leaflets and during regurgitation. Towards the core of these vortices, the pressure decreases and the flow velocity increases. Therefore, the conditions for cavitation can be reached in these vortex cores (Avrahami et al., 2000; Johansen, 2004) . Finally, the formation of cavitation bubbles can also be augmented by the sudden stop of the valve leaflets as they impact the casing, often referred to as "water hammer cavitation" (Lee et al., 2002; Johansen, 2004) . It is believed that in BMHVs none of these mechanisms alone but solely their combined interaction can initiate and augment cavitation. Moreover, valves with very stiff leaflets, closing at high velocity and decelerating rapidly (due to the impact at the blocking mechanism of the casing), are more prone to cause cavitation than valves with flexible leaflets that are gently decelerated (Zapanta et al., 1998; Johansen, 2004) . Although the formation of cavitation bubbles in the blood flow through a BMHV is an extremely rare phenomenon, it is undesirable because the shockwaves produced during the implosion of the cavitation bubbles can create high-velocity microjets. These microjets can deteriorate the valve structures as well as the nearby blood cells, thus leading to severe thromboembolic complications and valve failures (Johansen, 2004) . Cavitation-induced material deterioration of a BMHV was first related to BMHVs in the 1980s after several leaflet escapes of the Edwards-Duromedics bileaflet valve, as described above (Mastroroberto et al., 2000; Johansen, 2004) . It was observed that the impingement of high-velocity microjets can cause erosion and pitting when it impacts the structural surfaces. Lee et al. (2002) reported the appearance of cavitation-induced erosion pits in regions where squeeze flow occurred immediately before valve closure. Moreover, the study indicated that the number of pits was closely related to the magnitude of the pressure drop caused by the water hammer phenomenon.
Conclusion
Each year, replacing failing aortic heart valves with mechanical heart valves saves thousands of human lives. However, modern BMHVs are still far from perfect and still face major design challenges. Most of these design challenges involve the hemodynamic properties of the valve and are thus directly related to the blood flow. Therefore, a thorough understanding of the blood flow is required for design optimization. Current numerical simulation techniques can provide such valuable information and are considered crucial for gaining insights into the blood flow and assessing the performance of future valve prototypes. The numerical simulations discussed in this chapter illustrate the incomplete opening of the aortic ATS Open Pivot TM Standard Heart Valve in a diverging geometry. Moreover, asymmetrically placed sinuses of Valsalva induce an asymmetrical movement of the valve leaflets.
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